Slow light has been extensively studied for applications ranging from optical delay lines to single photon quantum storage. Here, we show that the time delay of slow-light significantly improves the performance of the narrowband spectral filters needed to optically detect ultrasound from deep inside highly scattering tissue. We demonstrate this capability with a 9 cm thick tissue phantom, having 10 cm À1 reduced scattering coefficient, and achieve an unprecedented background-free signal. Based on the data, we project real time imaging at video rates in even thicker phantoms and possibly deep enough into real tissue for clinical applications like early cancer detection. Optical imaging deep inside highly scattering materials can be accomplished using ultrasound to selectively modify or "tag" the light that is scattered by the object of interest, for example a tumor surrounded by healthy tissue. 1 This approach maintains the advantages of optical imaging, like sensitivity to color and texture which provides information on chemical content and biological function, but the resolution is determined by the ultrasound which is far less degraded by the scatter in the surrounding material. 2 Yet, to see small objects buried deep inside a scattering medium, an efficient filtering technique is required to remove the substantial noise due to background scattered light. In the case of ultrasound modulation, this can be accomplished by selectively filtering out light at the ultrasound modulated frequencies. However due to the highly diffuse nature of the scattered light, most optical filtering techniques do not perform well enough to allow small objects buried deep inside larger ones to be detected. This has so far prevented ultrasound modulated optical tomography from finding clinical applications. Here, we show that using slow light 3 in addition to a high performance spectral hole burning type filter 4 can finally reach this elusive goal. In particular, we show that ultrasound modulated light coming from deep inside an unprecedented 9 cm thick tissue phantom can be seen without detectable background. From this data and measurements made in real tissue, we show that straightforward improvements in the experimental setup would allow video rate imaging in even thicker tissue such as the breast or brain. This unique application of slow light and ultrasound opens the door to eventual clinical applications of ultrasound modulated optical tomography as well as numerous commercial and military applications like optical imaging through clouds, underwater, and in harsh manufacturing environments.
Optical imaging is normally the preferred technique for examining biological tissues and many other objects of interest in commercial, military, and scientific applications. In addition to the selectivity to color and texture, it has the potential for remote detection, and non-invasive imaging. Ultrasound imaging can give high resolution where optical imaging cannot, such as for highly scattering objects when a high depth to resolution ratio is required, but ultrasound images are mainly limited to mechanical contrast, 5 which do not give nearly as much chemical or biological information, and are subject to speckle artifacts.
To overcome the limitations of ultrasound imaging, a number of techniques involving optically generated and detected ultrasound have been developed. These techniques seek to keep the advantages of optical imaging even in highly diffuse media while maintaining the resolution of ultrasound imaging. For example, optical detection of ultrasound is routinely used for quality monitoring in harsh manufacturing environments, 6 and it has been demonstrated for remote environmental hazard monitoring. 7 When the optical detection of ultrasound is applied to biological imaging, it is known as ultrasound optical tomography (UOT) or acousto-optic tomography (AOT). 2 Compared to conventional ultrasound imaging, UOT images can have both optical and mechanical contrast in addition to being free of ultrasound speckle artifacts. 8 Likewise, the optical generation of ultrasound has led to powerful applications like photoacoustic spectroscopy for trace chemical detection which has multiple commercial and military uses. 9 When applied to biological imaging, this is known as photoacoustic tomography (PAT) and has shown great promise for imaging inside highly scattering tissue. 10 UOT and PAT can be viewed as complementary technologies because UOT produces images by the optical detection of ultrasound whereas PAT produces images by the optical generation of ultrasound. 1 The basic physics of optically detected ultrasound is illustrated in Figure 1(a) . Briefly, ultrasound produces high and low pressure regions inside the scattering medium which changes the local density of optical scattering centers and also a)
Now at Department of Physics, Harvard University, Cambridge, Massachusetts 02138, USA. (2012) the refractive index via the acousto optic effect. This causes amplitude and phase modulation of the probe light at the ultrasound frequency, producing new optical frequencies, or sidebands, shifted from the original by þ/-the ultrasound frequency, as illustrated in Figure 1 (a). Monitoring the intensity of this ultrasound "tagged" light while scanning the ultrasound focus produces an image of the interior of the object.
The main technical challenge arises when applying ultrasound enhanced optical imaging to highly scattering objects as in deep tissue UOT. Here the ultrasound tagged
Optically detected ultrasound imaging inside a highly scattering medium. The probe light is modulated in the ultrasound region, for example at the location of the embedded object. This creates modulation sidebands on the probe light at plus and minus the ultrasound frequency. Since the sideband power depends on the optical and acoustic properties of the object, the image includes both optical and acoustic contrast. The spectral filter passes only one sideband with high discrimination. For demanding applications, a modulated signal of only a few photons will be produced even using Watts of illumination power. Convolution of the spectral filter and ultrasound modulation spectrum for a 2.5 cm thick tissue phantom. The spectral filtering hole has a square shape, which was chosen to give the largest dynamic range. (c) Conceptual diagram of the optical and ultrasound pulse sequence. The spectral hole is created by first initializing, or erasing, any previous spectral holes. The desired hole is then engraved using a precise pulse sequence (denoted "Burn"). The ultrasound is applied and optically probed after some propagation delay. (d) A deep spectral hole also has a steep refractive index dispersion at its center, which gives a slow group velocity for the tagged light signal. (e) For a sufficiently short optical probe pulse, slow light gives complete temporal discrimination between the tagged and untagged light.
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Zhang et al. Appl. Phys. Lett. 100, 131102 (2012) light is typically many orders of magnitude weaker than the background "untagged" light. 11 This is caused by the low light intensity deep inside tissue 2 and the small focused ultrasound volume used to get high resolution. The key task is then to efficiently extract this weak tagged light from the much stronger background or more precisely from the noise produced by the background. In Figure 1 (a), this is illustrated by a spectral filter that absorbs the untagged light while allowing tagged light to pass with minimal attenuation. Another option is heterodyne detection, but this is most applicable to non-scattering objects. To collect as much of the tagged light as possible, the etendue, defined by the product of the light solid angle and area, 12 of the optical system should be as high as possible.
To quantify how etendue and other filter metrics limit tissue imaging depth, consider that the goal is to reach a signal to noise ratio (SNR) that is good enough to reliably identify an embedded object. From Rose's criteria, 13 this is possible if the SNR > 5. Assuming sufficiently advanced classical noise suppression techniques are used, the SNR will eventually be limited by quantum statistics or shot noise. Considering only tagged light shot noise, the required SNR can be achieved by collecting at least 25 photons per image pixel, assuming a high contrast embedded object. If background light is present then its shot noise must also be considered. Assuming a signal to background ratio (SBR) that is independent of laser illumination intensity, the result is that a factor of 1/SBR more tagged (signal) photons are required to overcome background noise, assuming SBR ( 1. Thus to get sufficient SNR for weak signals, the optical filter must strongly suppress untagged light to increase the SBR, yet it must not attenuate the tagged light and therefore should have as high etendue as possible.
In Figure 1(b) , the etendue of the leading UOT filtering techniques is compared to that of biological tissue. As seen, the lowest etendue filter is the confocal Fabry-Perot (FP) filter, 14 even though this technology has demonstrated the deepest tissue imaging until now. To achieve this, a very high laser power was used to give more tagged photons. The next higher etendue is the photorefractive (PR) filter. 15 This technology is based on real time holography which is like a high-etendue version of heterodyne detection. By far, the highest reported etendue is a Tm:YAG spectral hole burning (SHB) filter 16 since the SHB crystal itself has a maximal 90 acceptance half-angle. Here, we make use of a persistent spectral hole burning (PSHB) optical filter which is a special class of SHB materials that have a long hole lifetime, seconds or longer. This long lifetime allows the use of complex hole burning pulse sequences that can give unprecedented performance as a spectral filter; for example using a carefully selected spatial geometry, 140 dB discrimination has been demonstrated in praseodymium doped yttrium silicate (Pr:YSO), 17 for collimated laser light, with better than 50% transmission in the passband.
The basic experimental setup for deep tissue UOT with PSHB filtering is shown in Figure 2 (a). Diffuse light from the object of interest is collected by a high numerical aperture (NA) lens and funneled into the front face of the hole burning crystal. Once inside the crystal, the light is guided to the exit face via total internal reflection. Since this waveguiding is independent of crystal length, very long crystals can be used to achieve a high optical absorption of untagged light. The filtered tagged light exiting the crystal is then collected by another high NA lens and imaged onto a sensitive optical detector, for example a photon counter.
To demonstrate deep tissue imaging with slow light enhanced spectral hole filtering, experiments were performed on tissue-mimicking phantoms and real tissue (chicken breast), as illustrated in Figure 3 . Here, Figure 3(a) shows a typical 1D image in the ultrasound propagation direction (Aline) for two absorbing objects buried inside a 4.5 cm thick (in the laser propagation direction) tissue phantom, having a reduced scattering coefficient of 10 cm À1 . As seen a high contrast image of the absorbing objects is produced, but there is significant untagged background light. 2012) To remove this background, slow light was used to selectively delay the tagged light, as shown by the A-line images in the inset of Figure 3(a) . Slow light naturally arises from the steep refractive index dispersion in the passband of a deep spectral hole (see Figure 2(d) ). 4, 18 Conversely, since the dispersion is relatively flat in the absorbing region several hole widths away, any untagged light leaking through the crystal is not significantly slowed. For an optical pulse whose spectral width is matched to that of the spectral hole passband, the delay measured in pulse widths will be proportional to the optical density in the surrounding absorbing region. 4 The quality of the data that can be obtained strongly depends on the filter characteristics (transmission, suppression, steepness, etc.) and extensive work has been investigated in optical pumping techniques important for the filter creation. 19 For our 2.3 MHz ultrasound frequency, a 2 cycle pulse is about 1 ls long, and a light pulse of this length is easily delayed many pulse widths as seen in Figure 2 (e). In the inset of Figure 3(a) ), a much longer probe pulse was used so as to image an entire buried object in one A-line, but a full pulse-width delay can still be achieved. Figure 3 (b) illustrates the limits of persistent spectral filtering with and without slow light, using a much thicker 9 cm tissue phantom. Again both long and short optical illumination pulses are used to illustrate the advantage of slow light delay. As seen in the inset of Figure 3(b) , the delayed ultrasound tagged light is well separated from the untagged light background, and furthermore, data taken without ultrasound present show no visible untagged light at the relevant delay times (i.e., it is indistinguishable from detector dark noise). From this data, we estimate a lower limit of 16 for the signal to background ratio. Such a large SBR is unprecedented for so thick a phantom and clearly shows the multiplicative filtering capability of slow light, as the untagged background has already been suppressed 30 dB by the spectral hole filter in the long pulse illumination case. Figure 3 (c) (inset) shows that slow light also effectively separates tagged light from the untagged background in real tissue (chicken breast). Here, a much thinner sample, 3.5 cm thick, was needed as the 606 nm illumination was more strongly absorbed than in the phantom.
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It is of interest to estimate the thickest tissue sample that can be imaged in real time (video rate) using slow light enhanced spectral hole burning filters. In the current setup, there are too few signal photons to acquire real time images from the 9 cm thick phantom since the tagged light amounts to only about 4 photon counts per 100 ns data bin with a 500 trace accumulation. However, by increasing the laser illumination intensity to 1/10 of the 2.4 kW laser safety limit, 20 increasing the etendue up to the limit imposed by the cryostat for the present crystal diameter, and using a higher quantum efficiency photon counter, we project $290 k photo-counts per image pixel for a single shot A-line with a pixel width of 500 ns (1 cycle of ultrasound). Since only 25 counts are needed to satisfy Rose's criteria for a high contrast object, there would be 14 000 times more photo-counts than needed for video rate imaging at this 9 cm depth. These extra photons could be used to see even deeper into tissue, as illustrated in Table I . In this table, the surplus photo-counts are converted into additional tissue thickness using the measured 4.4 dB/cm signal attenuation to arrive at the 18 cm thickness projection for single-shot A-lines in phantoms.
Note that the projections in Table I neglect the effects of background which would reduce the ultimate imaging depth. From Figure 3(b) , it is seen that the SBR $ 1 for the 9 cm tissue phantom using spectral hole filtering alone. Since the PSHB spectral filtering discrimination is already degraded to 30 dB for diffuse light, it is expected that the extra SBR enhancement provided by slow light will be essential for achieving the goal deep tissue imaging at video rates.
Clearly, video rate imaging at such tissue depths is approaching that needed for clinical applications if it can be extended to real tissue. The validity of using tissue phantoms to model imaging performance in real tissue was recently demonstrated at 1.06 lm, where both real tissue and phantoms of the same thickness showed similar image quality. 14 While no candidate PSHB materials exist at 1.06 lm, Tm:YAG operating at 793 nm is still within the therapeutic window has shown to be capable of persistent spectral holes with up to 30 s lifetimes 21 
